This paper reviews biodegradable synthetic polymers focusing on their potential in tissue engineering applications. The major classes of polymers are briefly discussed with regard to synthesis, properties and biodegradability, and known degradation modes and products are indicated based on studies reported in the literature. A vast majority of biodegradable polymers studied belongs to the polyester family, which includes polyglycolides and polylactides. Some disadvantages of these polymers in tissue engineering applications are their poor biocompatibility, release of acidic degradation products, poor processability and loss of mechanical properties very early during degradation. Other degradable polymers such as polyorthoesters, polyanhydrides, polyphosphazenes, and polyurethanes are also discussed and their advantages and disadvantages summarised. With advancements in tissue engineering it has become necessary to develop polymers that meet more demanding requirements. Recent work has focused on developing injectable polymer compositions based on poly (propylene fumarate) and poly (anhydrides) to meet these requirements in orthopaedic tissue engineering. Polyurethanes have received recent attention for development of degradable polymers because of their great potential in tailoring polymer structure to achieve mechanical properties and biodegradability to suit a variety of applications.
Introduction
Biodegradable synthetic polymers offer a number of advantages over other materials for developing scaffolds in tissue engineering. The key advantages include the ability to tailor mechanical properties and degradation kinetics to suit various applications. Synthetic polymers are also attractive because they can be fabricated into various shapes with desired pore morphologic features conducive to tissue in-growth. Furthermore, polymers can be designed with chemical functional groups that can induce tissue in-growth.
Biodegradable synthetic polymers such as poly(glycolic acid), poly(lactic acid) and their copolymers, poly(p-dioxanone), and copolymers of trimethylene carbonate and glycolide have been used in a number of clinical applications (Shalaby, 1988; Holland and Tighe, 1992; Hayashi , 1994; Kohn and Langer, 1997; Ashammakhi and Rokkanen, 1997) . The major applications include resorbable sutures, drug delivery systems and orthopaedic fixation devices such as pins, rods and screws (Behravesh et al., 1999; Middleton and Tipton, 2000) . Among the families of synthetic polymers, the polyesters have been attractive for these applications because of their ease of degradation by hydrolysis of ester linkage, degradation products being resorbed through the metabolic pathways in some cases and the potential to tailor the structure to alter degradation rates. Polyesters have also been considered for development of tissue engineering applications (Hubbell, 1995; Thomson et al 1995a , Yazemski et al. 1996 Wong and Mooney, 1997) , particularly for bone tissue engineering (Kohn and Langer, 1997; Burg et al., 2000) .
Attempts to find tissue-engineered solutions to cure orthopaedic injuries/diseases have made necessary the development of new polymers that meet a number of demanding requirements. These requirements range from the ability of scaffold to provide mechanical support during tissue growth and gradually degrade to biocompatible products to more demanding requirements such as the ability to incorporate cells, growth factors etc and provide osteoconductive and osteoinductive environments. Furthermore, the development of in-situ polymerizable compositions that can function as cell delivery systems in the form of an injectable liquid/paste are becoming increasingly attractive in tissue engineering applications. Many of the currently available degradable polymers do not fulfil all of these requirements and significant chemical changes to their structure may be required if they are to be formulated for such applications.
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Pathiraja A.Gunatillake and Raju Adhikari CSIRO Molecular Science, Bag 10, Clayton South MDC, Vic 3169, Australia and ceramics have been investigated extensively for orthopaedic repair. This approach has advantages such as the ability to generate desired pore structures, matching size, shape and mechanical properties to suit a variety of applications. However, shaping these scaffolds to fit cavities/defects with complicated geometries, bonding to the bone tissues, and incorporating cells and growth factors, and requirement of open surgery are a few major disadvantages of this approach. A material that can be used as a scaffold in tissue engineering must satisfy a number of requirements. These include biocompatibility, biodegradation to non toxic products within the time frame required for the application, processability to complicated shapes with appropriate porosity, ability to support cell growth and proliferation, and appropriate mechanical properties, as well as maintaining mechanical strength during most part of the tissue regeneration process. Development of a degradable polymer composition that can be injected arthroscopically has number of advantages in tissue engineering as against prefabricated scaffolds. A major advantage would be the possibility of administering the gel arthroscopically avoiding surgery in many cases. It also has the advantage of filling cavities with complex geometries, and to provide good bonding to tissue. Cells, growth factors and other components to support cell growth could also be incorporated with the gel. Such polymer systems also have the potential to be formulated to generate porous structure upon curing to facilitate nutrient flow to cells during growth and proliferation. Further, such polymers may be useful in pre-fabricating scaffolds with complex shapes with appropriate pore structures with biological components incorporated. However, in addition to the main requirements mentioned above, an injectable polymer composition must meet the following requirements to be useful in tissue engineering applications. Ideally the prepolymer should be in liquid/paste from, sterilizable without causing any chemical change, and have the capacity to incorporate biological matrix components. Upon injection the prepolymer mixture should bond to biological surface and cures to a solid and porous structure with appropriate mechanical properties to suit the application. The curing should be with minimal heat generation and the chemical reactions involved in curing should not damage the cells or adjacent tissues. The cured polymer while facilitating cell in-growth, proliferation and migration, should ideally be degraded to biocompatible components that are absorbed or released from the body.
The aim of this paper was to briefly review the major classes of biodegradable polymers and their potential in developing injectable polymer systems in tissue engineering. The review was focused on synthesis, potential applications, biocompatibility and biodegradation of these polymers to help the reader to further explore the use of these polymers or precursors with similar chemistries in developing injectable polymer compositions.
Major classes of degradable polymers
Polyesters A vast majority of biodegradable polymers studied belong to the polyester family. Table 1 lists the key polymers in this family. Among these poly(α-hydroxy acids) such as poly(glycolic acid) (PGA), poly(lactic acid) (PLA), and a range of their copolymers have historically comprised the bulk of published material on biodegradable polyesters and have a long history of use as synthetic biodegradable materials (Shalaby, 1988; Holland and Tighe, 1992; Hayashi , 1994: Kohn and Ashammakhi and Rokkanen, 1997) in a number of clinical applications. These polymers have been used as sutures (Cutright et al., 1971) plates and fixtures for fracture fixation devices (Mayer and Hollinger, 1995) and scaffolds for cell transplantation (Thomson et al. 1995b ).
Poly(glycolic acid), poly(lactic acid) and their copolymers Poly(glycolic acid) (PGA) is a rigid thermoplastic material with high crystallinity. (46-50%). The glass transition and melting temperatures of PGA are 36 and 225ºC, respectively. Because of high crystallinity, PGA is not soluble in most organic solvents; the exceptions are highly fluorinated organic solvents such as hexafluoro isopropanol.
Although common processing techniques such as extrusion, injection and compression moulding can be used to fabricate PGA into various forms, its high sensitivity to hydrolytic degradation requires careful control of processing conditions Temenoff, 2000, Jen et al. 1999) . Porous scaffolds and foams can also be fabricated from PGA, but the properties and degradation characteristics are affected by the type of processing technique. Solvent casting, particular leaching method and compression moulding are also used to fabricate PGA based implants.
The preferred method for preparing high molecular weight PGA is ring-opening polymerization of glycolide (Figure 1 ), the cyclic dimer of glycolic acid (Hollinger et al. 1997, Sawhney and Drumheller, 1998) , and both solution and melt polymerization methods can be used. The common catalysts used include organo tin, antimony, or zinc. If stannous octoate is used, temperature of approximately 175ºC is required for a period of 2 to 6 hours for polymerization. Although it is possible to synthesize these polymers by acid-catalysed polycondensation of respective acids, the resulting polymers generally have a low molecular weight and often poor mechanical properties (Agrawal et al. 1997) .
The attractiveness of PGA as a biodegradable polymer in medical application is that its degradation product glycolic acid is a natural metabolite. A major application of PGA is in resorbable sutures (Dexon, American Cyanamide Co). Numerous studies (Chu, 1981a,b,c) have established a simple degradation mechanism via homogeneous erosion. The degradation process occurs in two stages, the first involves the diffusion of water into the amorphous regions of the matrix and simple hydrolytic In a study of Dexon sutures in vitro, the first stage degradation predominates during the first 21 days and a further 28 days for the degradation of the crystalline regions. After 49 days, the reported weight loss was around 42 % with complete loss of mechanical properties. Because of the bulk degradation of PGA, there is a sudden loss of mechanical properties. Although the degradation product glycolic acid is resorbable at high concentrations, they can cause an increase of localized acid concentration resulting in tissue damage. The ultimate fate of glycolic acid in-vivo is considered to be the conversion to carbon dioxide and water, with removal from the body via the respiratory system (Gilding, 1981) . However, Hollinger (Hollinger, 1983) has suggested that only lactic acid follows this pathway, and that glycolic acid is converted into glyoxylate (by glycolate oxidase), which is then transferred into glycine after reacting with glycine transaminase.
Poly(lactic acid) is present in three isomeric forms d(-), l(+) and racimic (d,l) and the polymers are usually abbreviated to indicate the chirality. Poly(l)LA and poly(d)LA are semi-crystalline solids, with similar rates of hydrolytic degradation as PGA. PLA is more hydrophobic than PGA, and is more resistant to hydrolytic attack than PGA. For most applications the (l) isomer of lactic acid (LA) is chosen because it is preferentially metabolized in the body. PLlLA, poly(lactic-glycolic acid) (PLGA) copolymers and PGA are among the few biodegradable polymers with Food and Drug Administration (FDA) approval for human clinical use.
The full range of copolymers of lactic acid and glycolic acid has been investigated. The two main series are those of (l)LA/GA and (dl)LA/GA. Gilding and Reed (1979) . have shown that compositions in the 25 to 75 % range for (l)LA/GA and 0 to 70 % for the (dl) LA/GA are amorphous. For the (l)LA/GA copolymers, resistance to hydrolysis is more pronounced at either end of the copolymers compositions range (Miller et al., 1977; Gilding and Reed, 1979; Reed and Gilding, 1981; Vert et al., 1984) . The 70/30 GA/LA has the highest water uptake, hence the most readily degradable in the series. In another study (Miller et al., 1977) have shown that the 50/ 50 copolymer was the most unstable with respect to hydrolysis. However, it is generally accepted that intermediate copolymers are very much more unstable than the homopolymers. The first commercial use of this copolymer range was the suture material Vicryl (Ethicon Inc, Sommerville, NJ, USA; www.ethicon.com), which is composed of 8% (l)LA and 92% GA. The main application of (d,l-LA/GA) copolymer has been in the field of controlled drug release.
Biodegradation and biocompatibility of polylactides. The degradation of PLA, PGA and PLA/ PGA copolymers generally involves random hydrolysis of their ester bonds. PLA degrades to form lactic acid which is normally present in the body. This acid then enters tricarboxylic acid cycle and is excreted as water and carbondioxide. No significant amounts of accumulation of degradation products of PLA have been reported in any of the vital organs (Vert et al., 1984) . Carbon 13 labeled PLA has demonstrated little radioactivity in feces or urine indicating that most of the degradation products are released through respiration. It is also reported that in addition to hydrolysis PGA is also broken down by certain enzymes, especially those with esterase activity (William and Mort, 1977) . Glycolic acid also can be excreted by urine.
The rate of degradation, however is determined by factors such as configurational structure, copolymer ratio, crystallinity, molecular weight, morphology, stresses, amount of residual monomer, porosity and site of implantation.
Both in-vitro and in-vivo studies have been carried out to ascertain the biocompatibility of PLA and PGA. Many studies suggests that these polymers are sufficiently biocompatible (Nelson et al. 1977 , Hollinger , 1983 although certain studies (Schakenraad et al., 1989; VanSliedregt et al., 1990 VanSliedregt et al., , 1992 Verheyen et al., 1993) suggest otherwise. Recent studies have shown that porous PLA-PGA scaffolds may be the cause of significant systemic or local reactions, or may promote adverse re- Figure 1 . Polymers for tissue engineering sponses during the tissue repair process. PLA-PGA copolymers used in bone repair applications have shown to be biocompatible, non-toxic and non-inflammatory (Nelson et al., 1977; Hollinger, 1983) . Since PLA-PGA have been used successfully in clinical use as sutures, their use in fixation devices or replacement implants in musculoskeletal tissues may be considered safe.
Concerns about the biocompatibility of these materials have been raised when PLA and PGA produced toxic solutions probably as a result of acidic degradation (Tayler et al., 1994) . This is a major concern in orthopaedic applications where implants with considerable size would be required, which may result in release of degradation products with high local acid concentrations. Another concern is the release of small particles during degradation, which can trigger an inflammatory response. It has been shown that as the material degrades the small particles that break off are phagocytized by macrophages and multinucleated giant cells (Gibbons, 1992) . It was also noted that no adverse biological responses occur especially if the material volume is relatively small. In clinical studies where PGA was used as fracture fixation, foreign-body responses or osteolytic reactions have been reported (Böstman, 1991 (Böstman, , 1992 Böstman et al., 1992a,b) .
Polylactones
Poly(caprolactone) (PCL) is the most widely studied in this family (Holland and Tighe 1992; Hayashi, 1994) . PCL is a semicrystalline polymer with a glass transition temperature of about -60ºC. The polymer has a low melting temperature (59 to 64ºC) and is compatible with a range of other polymers. PCL degrades at a much lower rate that PLA and is a useful base polymer for developing longterm, implantable drug delivery systems.
Pol(caprolactone) is prepared by the ring-opening polymerization of the cyclic monomer ε-caprolactone. Catalysts such as stannous octoate are used to catalyse the polymerization and low molecular weights alcohols can be used as initiator which also can be used to control the molecular weight of the polymer (In't Veld et al., 1997; Storey and Taylor, 1998) .
Biodegradation and biocompatibility of polylactones. The homopolymer has a degradation time of the order of two to three years (Kronenthal, 1975; Holland and Tighe 1992; Middleton and Tipton, 2000) . PCL with an initial average molecular weight of 50,000 takes about three years for complete degradation in-vitro (Gabelnick, 1983) . The rate of hydrolysis can be altered by copolymerisation with other lactones, for example a copolymer of caprolactone and valerolactone degrades more readily (Pitt et al., 1981) . Copolymers of ε-caprolactone with dl-lactide have been synthesized to yield materials with more rapid degradation rates (e.g., a commercial suture MONOCRYL, Ethicon) (Middleton and Tipton, 2000) . PCL is considered a non-toxic and a tissue compatible material (Kronenthal, 1975) .
Blends with other polymers and block copolymers and low molecular weight polyols and macromers based on caprolactone backbone are a few of the possible strategies to explore this class of polymers for various applications.
Poly(propylene fumarates)
Recently, polyesters based on fumaric acid have received attention in the development of degradable polymers, and the most widely investigated is the copolyester poly(propylene fumarate) (PPF) (Figure 2 ). The degradation of this copolymer leads to fumaric acid, a naturally occurring substance, found in the tri-carboxylic acid cycle (Krebs cycle), and 1,2-propanediol, which is a commonly used diluent in drug formulations. The copolymer also has unsaturated sites in its backbone, which could be used in subsequent cross-linking reactions.
PPF based degradable polymer compositions including injectable biodegradable materials have been reported in the literature (Kharas et al., 1997; Peter et al., 1998a,b; Temenoff and Mikos, 2000) . Injectable systems developed based on PPF have the advantage of employing chemical cross-linking overcoming some of the disadvantages in photo cross-linkable systems. Photo-cross-linkable systems have limited applications for treatment of deep crevices in bone. A number of studies have reported on the synthesis, properties (Kharas et al., 1997; Peter et al., 1998a; Temenoff and Mikos, 2000) and in-vivo degradation (Yaszemski et al., 1994; Frazier et al., 1997; Peter et al., 1998a) characteristics of poly(propylene fumarate). The copolymers degrade to propylene glycol, poly(acrylic acidco-fumaric acid) and fumaric acid (Temenoff and Mikos, 2000) . Cross-linking usually occurs with methylmethacrylate or N-vinyl pyrolidone and benzoyl peroxide as the initiator.
A number of methods have been reported to prepare PPF, and each results in different polymer properties (Peter et al., 1997a (Peter et al., ,b, 1999 Temenoff and Mikos 2000) . Products with complex structure are obtained due to side reactions involving different modes of addition. In one method diethyl fumarate and propylene glycol with para-toluene sulfonic acid catalyst are reacted at 250ºC (Sanderson, 1988) . The yield in this process is only 35 %. In another method, propylene glycol and fumaric acid are heated initially at 145ºC and gradually increasing the temperature to 180ºC. Poly(propylene fumarate) diol with mo- Figure 2 . Polymers for tissue engineering lecular weights in the range 500 to 1200 and polydispersity 3 to 4 can be typically prepared by this method (Gerhart and Hayes, 1989) . A third method involves preparing the bis-(hydroxylpropyl) fumarate trimer and propylene bis(hydrogen maleate) trimer by reacting propylene glycol/fumaric acid, and maleic anhydride/propylene glycol, respectively (Domb, 1989 ). The two trimers are then reacted at 180ºC to produce PPF. The bis-(hydroxypropyl) fumarate trimer can also be prepared at ambient temperature by reacting fumaryl chloride and propylene glycol (Peter et al., 1997a) . The purified trimer is reacted at 160ºC in the presence of transesterification catalyst antimony trioxide to produce PPF. PPF with molecular weights in the range 750 to 1500 could be prepared by this method. The polydispersity ranged from 1.7 to 3.
It appears that achieving high molecular weight PPF is difficult because of side reactions, particularly due to the presence of the backbone double bond. Accordingly, incorporation of fillers, or further reactions to form crosslinked net works would be required to achieve good mechanical strength. The mechanical properties vary greatly depending on the method of synthesis and the cross-linking agent used. Mechanical properties could be improved by incorporating ceramic materials such as tricalcium phosphate (TCP), calcium carbonate or calcium sulfate. These composite materials exhibit compressive strengths in the range 2 to 30 MPa. ß-TCP was particularly useful for reinforcement, and compositions without TCP reinforcement disintegrated very early in the implant (Temenoff and Mikos, 2000) .
Cross-linking characteristics reported for PPF, N-vinyl pyrrolidone (N-VP), benzoyl peroxide, sodium chloride, and TCP indicate that for a range of formulations, the maximum temperature varied within 38 to about 48ºC, compared to 94ºC observed for polymethylmethacrylate (PMMA) cements. The curing times varied between 1 and 121 min, which allows the composites to be tailored to specific applications. The compressive strengths varied between 1 and 12 MPa (Peter et al., 1998a) .
Biocompatibility and biodegradation of PPF. PPF undergoes bulk degradation and degradation time is dependent on polymer structure as well as other components. PPF degrades by hydrolysis to fumaric acid and propylene glycol. Based on in-vitro studies, the time required to reach 20% loss in original weight ranged from 84 (PPF/ß-TCP composite) to over 200 days (PPF/CaSO 4 composite) (Peter et al., 1997b; Kharas et al., 1997) . ß-TCP in these compositions not only increased mechanical strength, but also acts as a buffer making the pH change minimal during the degradation process. PPF does not exhibit a deleterious long-term inflammatory response when implanted subcutaneously in rats. A mild inflammatory response was observed initially and a fibrous capsule formed around the implant at 12 weeks (Peter et al., 1998a) .
Polyanhydrides
Polyanhydrides are one of the most extensively studied (Holland and Tighe, 1992; Kohn and Langer, 1997; Ashammakhi and Krokkanen, 1997) classes of biodegradable polymers with demonstrated biocompatibility and excellent controlled release characteristics. Polyanhydrides degrades by surface erosion (Kohn and Langer, 1997) and their main applications are in controlled drug delivery. Polyanhydride based drug delivery systems have been utilized clinically (Brem et al., 1995) .
Polyanhydrides are synthesized (Figure 3 ) by dehydration of the diacid or a mixture of diacids by melt polycondensation (Domb and Langer, 1987) . The dicarboxylic acid monomers are converted to the mixed anhydride of acetic acid by reflux in excess acetic anhydride. High molecular weight polymers are prepared by melt-polycondensation of prepolymer in vacuum under nitrogen sweep.
Langer and coworkers (Brem, et al., 1995; Burkoth and Anseth, 2000) have synthesized polyanhydrides (I) for drug delivery applications. Polyanhydride (I) is used to deliver carmustine, an anticancer drug, to sites in the brain where a tumor has been removed. The degradation products of (I) are non-toxic and have controlled surface (I) Polymers for tissue engineering erosion degradation mechanism that allows delivery of drugs at a known rate.
Polyanhydrides have limited mechanical properties that restrict their use in load-bearing applications such as in orthopaedics. For example poly[1,6-bis(carboxyphenoxy) hexane] has a Young's modulus of 1.3 MPa (Leong et al., 1985; Uhrich et al., 1997) which is well below the modulus of human bone (40 to 60 MPa). To combine good mechanical properties of polyimides with surface-eroding characteristics of polanhydrides, poly(anhydrides-co-imides) have been developed (Attawia et al., 1995; , particularly for orthopaedic applications. Examples include poly-[trimellitylimidoglycine-co-bis(carboxyphenoxy) hexane], and poly[pyromellitylimidoalanine-co-1,6-bis(carboph-enoxy)-hexane] (Attawia et al., 1995; Seidel et al., 1996) . These poly(anhydride-co-imides) have significantly improved mechanical properties, particularly compressive strengths. Materials with compressive strengths in the 50 to 60 MPa range have been reported for poly(anhydrides-co-imides) based on succinic acid trimellitylimidoglycine and trimellitylimidoalanine . The degradation of these copolymers occurred via hydrolysis of anhydride bonds, followed by the hydrolysis of imide bonds.
Photo cross-linkable polyanhydrides have also been developed for use in orthopaedic applications, particularly focusing on achieving high mechanical strength. The systems developed are based on dimethacrylated anhydrides (Muggli et al., 1998; Burkoth and Anseth, 2000) . Figure 4 shows dimethacrylate macrommers based on sebacic acid and 1,6-bis(p-carboxyphenoxy)hexane. Both ultraviolet (UV) and visible light cure methods have been investigated with these macromonomers. The most effective means of photopolymerization of these macromonomers was found to be 1.0 wt % camphorquinone and 1.0 wt % ethyl-4-N,N-dimethyl aminobenzoate with 150 mW/cm 2 . Combination of redox type and visible initiation has provided means of achieving efficient curing of thick samples.
Depending on the monomers used, the mechanical properties as well as degradation time can be varied. Compressive strengths of 30-40 MPa, and tensile strengths of 15-27 MPa, similar to those of cancelleous bone, have been reported .
Biocompatibility and biodegradation of polyanhydrides.
Polyanhydrides are biocompatible (Laurencin et al., 1990) , have well-defined degradation characteristics, and have been used clinically in drug delivery systems (Leong et al., 1985) . Polyanhydrides degrade by hydrolysis of the anhydride linkage. The hydrolytic degradation rates can be altered by simple changes in the polymer backbone structure by choosing the appropriate diacid monomers. Poly(sebasic acid) degrades quickly (about 54 days in saline), while poly(1,6-bis(-p-carboxyphenoxy)hexane degrade much more slowly (estimated 1 year). Accordingly, combinations of different amounts of these monomers would result in polymer with degradation properties custom-designed for a specific application (Temenoff and Mikos, 2000) .
Minimal inflammatory responses to sebacic acid/1,3-bis(p-carboxyphenoxy) propane (SA/CPP) systems have been reported when implanted subcutaneously in rats up to 28 weeks. Loose vascularized tissue had grown into the implant at 28 weeks, with no evidence of fibrous capsule formation (Laurencin et al., 1990) . No data have been reported about polymer sterilizability and heat generation during polymerization. A 12 week study using 2-3 mm diameter full thickness defect in the distal femur of rabbits showed good tolerance of the SA/CPP polymer system and osseous tissue in the outer zone of some implants (Laurencin et al., 1990) .
Tyrosine-derived polycarbonates
Tyrosine-based polycarbonates ( Figure 5 ) have been reported as promising degradable polymers for use in orthopaedic applications (Muggli et al., 1998; Tangpasuthadol et al., 2000a,b) . These polymers possess three potentially hydrolysable bonds: amide, carbonate and ester. Studies have shown (Muggli et al., 1998) that the carbonate group hydrolyzes at a faster rate than the ester group, and the amide bond is not labile in vitro. Since the hydrolysis of the carbonate groups yields two alcohols and carbon dioxide, the problem of acid bursting seen in polyesters is alleviated. By variation of the structure of the pendant R group, polymers with different mechanical properties, degradation rates as well as cellular response could be prepared. Polycarbonate having an ethyl ester pendant group has shown to be strongly osteoconductive Figure 4 . Polymers for tissue engineering and good bone apposition, and possesses sufficient mechanical properties for load bearing bone fixations. Invivo studies have demonstrated that the polymer was biocompatible and promoted significant bone growth (Pulapura and Kohn, 1992; Muggli et al., 1998) .
Polyorthoesters
Poly(orthoester)s (POE) are another family of polymers identified as degradable polymers suitable for orthopaedic applications. Heller and coworkers reported on the synthesis of a family of polyorthoesters ( Figure 6 ) that degrades by surface erosion (Ng et al., 1997) . With the addition of lactide segments as part of the polymer structure, tunable degradation times ranging from 15 to hundreds of days can be achieved. The degradation of the lactide segments produces carboxylic acids, which catalyze the degradation of the orthoester (Ng et al., 1997) .
Preliminary in-vivo studies have shown that POE (Figure 6 ) to increase bone growth in comparison with poly(dilactide-co-glycolide) (Andriano et al., 1999) .
Polyurethanes
Polyurethanes (PU) represent a major class of synthetic elastomers that have been evaluated for a variety of medical implants, particularly for long-term implants (Pinchuk, 1994; Lamba et al., 1998) . They have excellent mechanical properties and good biocompatibility. They are used in the fabrication of medical implants such as cardiac pace makers and vascular grafts. Recent developments in siloxane-based polyurethanes, which have greater in-vivo stability than conventional polyetherurethanes (e.g., poly(tetramethylene oxide) (PTMO)-based) have provided opportunities for development of a range of medical implants for chronic applications (Gunatillake et al., 2001) .
Polyurethanes can also be designed to have chemical linkages that are degradable in the biological environment (Zdrahala and Zdrahala, 1999) . Since polyurethanes can be tailored to have a broad range of mechanical properties and good biocompatibility, there has been some interest to develop degradable polyurethanes for medical applications such as scaffolds for tissue engineering (Zdrahala and Zdrahala, 1999 ). However, a major problem has been the toxicity of degradation products, particularly those derived from the diisocyanate component. For example, degradation products of polyurethanes based on diisocyanates such as 4,4'-methylenediphenyl diisocyanae (MDI) and toluene diisocyanate (TDI) are toxic (McGill and Motto, 1974; Gogolewski and Pennings, 1982) . Accordingly, in designing degradable polyurethanes diiscoyanates such as lysine diisocyanate (LDI) (2,6-diisocyanatohexanoate) and other aliphatic diisocyanates like hexamethylene diisocyanate (HDI) and 1,4-butanediisocyanate have been used. 
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Properties and bidegradation of aliphatic diisocyanate base polyurethanes:
A number of studies have been reported on the synthesis and properties of a range of polyurethanes based on lysine diisocyanate (LDI) (II).
Lysine diisocyanate is not commercially available (being developed by Kyowa Hakko Kogyo Co., Chiyoda-Ku, Tokyo, Japan) but can be prepared from L-lysine monohydrochloride (Bruin et al., 1988; Storey et al., 1993) . Storey et al (1994) have prepared poly(ester urethane) networks from LDI and a series of polyester triols based on dl-lactide, γ-caprolactone, and their copolymers. Networks based on poly(dl-lactide) were rigid (glass transition temperature Tg = 60ºC) with ultimate tensile strengths of ~ 40 to 70 MPa, whereas those based on caprolactone triols were low modulus elastomers with tensile strengths of 1 to 4 MPa. Networks based on copolymers were more elastomeric (elongation up to 600%) with compressive strengths between 3 to 25 MPa. Hydrolytic degradation under simulated physiological conditions were dependent on the type of triol and dl-lactide based networks were the most resistant with no degradation observed for 60 days, caprolactone based triol networks were resistant up to 40 days whereas the high lactide based copolymer networks were the least resistant and substantial degradation observed in about 3 days. Bruin et al. (1988) have reported on the synthesis of degradable polyurethane networks based on star-shaped polyester prepolymers. The star-prepolymers were prepared from myoinisitol, a pentahydroxy sugar molecule by ring-opening copolymerisation of l-Lactide or glycolide with caprolactone. The prepolymers were cross-linked using 2,6-diisocyanatohexanoate. The degradation products of these PU networks are considered non-toxic. The resulting network polymers were elastomeric with elongation in the range 300 to 500% and tensile strengths varying between 8 to 40 MPa depending on the branch length etc. Preliminary experiments in guinea pigs have shown that the polyurethanes biodegrade when implanted subcutaneously. Polyurethane networks based on LDI and poly(glycolide-co-γ-caprolactone) macrodiol was evaluated by Bruin et al. (1990) as two-layer artificial skin. The degradation of the skin in-vivo was faster than that in in-vitro. Subcutaneous implantation in guinea pigs showed that the porous polyurethane networks allowed rapid cell in-growth, degraded almost completely 4-8 weeks after implantation and evoked no adverse tissue reaction. Zang et al. (2000) have developed a peptide based polyurethane scaffold for tissue engineering. LDI was reacted first with glycerol to form a prepolymer, which upon reaction with water produced a cross-linked porous sponge due to liberation of carbon dioxide. Initial cell growth studies with rabbit bone marrow stromal cells have shown that the polymer matrix supported cell growth and was phenotypically similar to those grown on tissue culture polystyrene. Hirt et al. (1996) and De Groot et al. (1990) reported on the synthesis and properties of degradable polyurethanes based on LDI, 2,2,4-triethylhexamethylene diisocyanate and a number of polyester and copolyester polyols such as Diorez®, caprolactone, ethylene glycol copolymers, and poly hydroxy butyrate and valerate copolymers. The polyurethanes ranged from elastomers with elongations at break as high as 780 %, but with low tensile strengths (5.8 to 8.1 MPa). Saad et al. (1997) reported on the cell and tissue interaction of four such polymers prepared from 2,2,4-trimethylhexamethylene diisocyanate and 2,6-diisocyanato methyl caproate, and polyols a,ω-dihydroxy-poly(R-3-hydroxybutyrate-co-(R)-3-hydroxyvalerate)-block-ethylene glycol], and two commercial diols, Diorez® and PCL-diol. In-vitro studies indicated that these polyesterurethanes did not activate macrophages and showed good level of cell adhesion, and growth, which were also confirmed by in-vivo results.
Structure-property relationships of degradable polyurethanes based on 2,6-diisocyanato methyl caproate, polycaprolactone, polyethylene oxide (PEO) and an amino acid chain extender (phenylalanine) have been investigated by Skarja and Woodhouse (1998, 2000) . Their results showed that PEO based polyetherurethane (PEU) were generally weaker but PCL based materials were relatively strong. However, no results were reported on the degradation of these polyurethanes. Gogolewsky and Pennings (1982, 1983) have reported on a design of an artificial skin composed of polylactide/ polyurethane mixtures where the PU was non-degradable. In-vivo studies with guinea pigs showed that the artificial skin adhered to wound well, and protected from fluid loss and infections up to 40 days exhibiting potential as a skin substitute.
Micro-porous polyurethane amide and polyurethaneurea scaffolds have been evaluated by Spaans et al. (2000) for repair and replacement of knee-joint meniscus. The soft segments in these polyurethanes were based on 50/ 50 l-lactide/PCL and chain extenders were adipic acid and water, the reaction of latter with 1,4-butane diisocyanate provided carbon dioxide to produce porous scaffolds. Salt crystals were also added to produce porous structure, and the addition of surfactants combined with ultrasonic waves regulated the pore structure. Porous scaffolds with porosity of 70 to 80% were achieved by this technique. These scaffolds exhibited tearing problems (II) (III) Polymers for tissue engineering during suturing (De Groot et al.., 1996) , which was partly circumvented by using a different suturing system. A meniscal replica implanted contained only fibro-cartilage after 18 weeks and decreased the degradation of the articular cartilage.
Biocompatibility and biodegradation of degradable polyurethanes. Although a number of studies discussed above indicate that the biocompatibility of degradable polyurethanes appear to be satisfactory based on both invitro and in-vivo studies. Animal studies showed rapid cell in-growth with no adverse tissue reactions. However, the effect of degradation products and how those products are removed from the body are not clearly understood.
Polyphosphazenes
The polyphosphazenes consist of several hundred different polymers with the general structure (VI) (Mark et al., 1992) . Different polyphosphazenes are made by means of macromolecular substitution reactions carried out on a reactive polymeric intermediate, poly(dichlorophosphazene), (NPCl 2 )n. Although most polyphosphazenes are biostable, incorporation of specific side groups such as amino acid esters, glucosyl, glyceyl, lactate, or imidazolyl units can render polyphosphazenes biodegradable (Alcock, 1999; Behravesh et al., 1999; Qui and Zhu, 2000) .
Hydrolysis of the polymer leads to free side group units, phosphate and ammonia due to backbone degradation.
Biocomaptibility and biodegradation. Laurencin et al. (1993) have investigated methylphenoxy and either imidazolyl or ethylglycinate substituted polyphosphazenes for skeletal tissue regeneration. Both materials supported the growth of MC3T3-E1, an osteogenic cell line. Increase in imidazolyl side groups resulted in a reduction in cell attachment and growth on the polymer surface and an increase in the rate of degradation of the polymer. In contrast, substitution with ethylglycinato group favoured increased cell adhesion and growth and also an increase in the rate of degradation of the polymers.
In another study , porous matrices of poly[(50% ethylglycinato) (50% pmethylphenoxy) phosphazene] with pore sizes of 150 to 250 µm have been shown to be good substrate for osteoblast-like cell attachment and growth.
Development of injectable and biodegradable polymers for tissue engineering
The devlopment of injectable polymer compositions for tissue engineering applications requires the preparation of precursors with appropriate physical properties and functional groups for curing at a second stage. A choice of a suitable curing method with minimal heat generation and chemical reactions that do not interfere with biological components is also very important for developing such polymer compositions. A range of oligomeric precursors with degradable backbones has been reported in the literature (Leong et al., 1985 , Attawia et al., 1995 Seidel et al., 1996; Kharas et al., 1997; Uhrich et al., 1997; Muggli et al., 1998; Peter et al., 1998b; Burkoth and Anseth, 2000; Temenoff and Mikos, 2000) with potential to develop such polymer compositions. Many of these are based on the various families of degradable polymers discussed previously. Majority of them contain ester functional groups in the backbone. Table 2 provides a summary of the properties of common biodegradable polymers while Table 3 provides some of the macrodiols and macromers with degradable backbones suitable for the development of injectable polymer compositions.
Only a few synthetic polymer-based injectable compositions have been reported in the literature. Poly(propylene fumarate) (Kharas et al., 1997; Peter et al., 1998b; Temenoff and Mikos, 2000) and dimethacrylated polyanhydrides (Leong et al., 1985; Attawia et al., 1995; Seidel et al., 1996; Uhrich et al., 1997, Muggli et al; Burkoth and Anseth, 2000) are two types of precursors that have been reported recently as in-situ polymerizable systems with potential for orthopaedic tissue engineering applications. Poly(ortho esters) based injectable polymer has also been reported (Heller et al., 2002) for use in pain control and periodontal treatment. The in-situ cross-linking of fumarates has been achieved by using benzoyl peroxide initiator in the presence of methylmethacrylate and Nvinyl pyrolidone while UV and visible light initiators have been used for dimethacrylated polyanhydrides.
Conclusions
A vast majority of biodegradable polymers studied belong to polyester family and poly(glycolic acid), poly (lactic acid) and their copolymers have historically comprised the bulk of published material. These polymers have a relatively long history of use in a number of clinical applications. They will continue to play a key role in various forms for medical applications requiring biodegradable polymers. Polyesters offer synthetic chemists many opportunities to design polymers through combination of different monomers to achieve property requirements to suit a variety of applications. Additionally, the development of precursors such as polyols and macromonomers based on polyesters may find uses in injectable and insitu curable polymer formulations. Poly(propylene fumarate) is one example of a recently developed polyesterbased injectable polymer system.
Polyanhydride is another family of polymers studies extensively with demonstrated biocompatibility and excellent controlled release characteristics. Polyanhydride degrade by bulk erosion and their main applications are in controlled drug delivery. Recently photocross-linkable This summary was prepared based on the information taken from the literature reviewed in this article and the data should be used as a guide only E = extrusion, IM = injection moulding, CM = compression moulding, SC = solvent casting, Sufficient data are not available to provide comprehensive list of properties for polymers in these families.
Many studies have shown that polyglycolides, polylactides and their copolymers to have acceptable biocompatibility. Some studies have shown systemic or local reactions due to acidic degradation products. Biodegradation of these polymers takes place by random hydrolysis resulting in decrease in molecular weight followed, first, by a reduction in mechanical properties and mass loss. Natural pathways (metabolism, excretion) harmlessly eliminate the final degradation products. (Middleton and Tipton, 2000) Generally considered as a nontoxic and tissue compatible polymer (Holland and Tighe, 1992; Hayashi, 1994) Initial mild inflammatory response and no deleterious loneterm response based on rat implant studies (Kharas et al. 1997; Peter et al. 1998a; Temenoff and Mikos, 2000) Fumaric acid, propylene glycol and poly(acrylic acid-co-fumaric acid) (Leong et al. 1985; Uhrich et al. 1997 ) T y r o s i n ed e r i v e d polycarbonate S u f f i c i e n t mechanical strength for load bearing bone fixation Very slow degradation (invitro) T y r o s i n e , carbondioxide and alcohols Biocompatible and promotes bone growth (in-vivo studies) (Pulpura and Kohn, 1992; Muggli et al., 1998) P o l y u r e t h a n e based on LDI and poly(glycolide-co-γ-caprolactone) 8 to 40 MPa tensile strength Lysine, glycolic and caproic acids No adverse tissue reaction (guinea pigs) (Bruin et al., 1988) Ethylglycinate polyphosphazene
Thermally processable
Phosphates & ammonia from backbone and other products depending on side chain structure Biocompatible and support osteogenic cell growth (in-vitro) (Qui and Zhu, 2000) Polymers for tissue engineering polyanhydrides have been developed for use in orthopaedic applications. Tyrosine-derived polycarbonates, polyorthoseters, polyurethanes and polyphosphazenes have also been investigated to explore their potential as biodegradable polymers.
Review of the literature indicates that relatively few attempts have been made to develop injectable polymer compositions for use in tissue engineering applications. The key challenges in developing such compositions include the choice of appropriate precursors that would degrade to biocompatible and resorbable compounds, the ability to incorporate cells and other components to support cell attachment and proliferation, ability to cure insitu in the in-vivo environment with minimal heat generation, and the ability to control degradation kinetics to suit the intended application.
Polyurethanes offer many advantages in the design of injectable and biodegradable polymer compositions. As a class of polymers, polyurethanes generally have good biocompatibility. They also offer substantial opportunities to tailor polymer structure to achieve a broad range of mechanical properties. By choice of star, dendritic or hyperbranched prepolymers, one can introduce structural variations to tailor degradation kinetics as well as incorporation of appropriate functional groups for improved cell attachment. In the rapidly advancing field of tissue engineering, polyurethanes offer numerous opportunities to develop suitable scaffolds for a variety of applications.
